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Abstract: The hematocrit dependence of flow signal (split-spectrum amplitude decorrelation 
angiography-SSADA decorrelation value) was investigated in this paper. Based on the 
normalized field temporal correlation function and concentration dependent particle scattering 
properties, the relationship between hematocrit and flow signal was analytically derived. 
Experimental verification of the relationship was performed with custom-designed 
microfluidic chips and human blood with 45%, 40% and 32% hematocrit. It was found that, 
in large flow channels and blood vessels, the normal hematocrit is near the decorrelation 
saturation point and therefore a change in hematocrit has little effect on the SSADA 
decorrelation value (flow signal). However, in narrow channels in the capillary size range, the 
effective hematocrit (adjusted for the overlap between OCT beam and channel) is in the range 
of 6.7-9.5% and therefore variation in hematocrit does significantly affect the flow signal. 
© 2017 Optical Society of America 
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1. Introduction 
In recent years, optical coherence tomography angiography (OCTA) has been used as a clinic 
tool to identify and diagnose ocular diseases such as glaucoma [1], age-related macular 
degeneration [2], and diabetic retinopathy [3]. Compared with conventional fluorescein 
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angiography (FA) and indocyanine green angiography (ICGA), OCTA provides high-
resolution 3-dimensional vasculature in a fast and noninvasive way [4]. 

Several OCTA algorithms have been developed and they could be based on phase [5–8], 
intensity [9–12], and complex value [13]. Among the OCTA algorithms, we developed an 
algorithm named split-spectrum amplitude-decorrelation angiography (SSADA) [12], which 
splits the spectrum into several spectral bands and calculates the decorrelation between two 
successive B-scans at the same position for each band. Then the flow signal is represented by 
the averaged decorrelation value of all the spectral bands. This method has been shown to 
greatly improve the signal-to-noise ratio of OCTA [15] and been employed to identify 
vascular and blood flow changes in different aspects of ophthalmology [1–4, 16, 17]. 

Quantitative characterization of the blood flows in retinal vasculature using OCTA is of 
great interest for early diagnosis of ocular diseases. A few groups including ours have 
demonstrated the application of quantitative OCTA for the evaluation of ocular blood flow. 
However, accurate determination of quantitative information from OCTA images obtained in-
vivo may be challenging because too many factors/parameters are involved for in-vivo 
measurements. In vitro phantom experiments have usually been used to investigate the 
quantitative nature of the OCTA. Liu et al. used a solid scattering phantom to analyzed and 
removed bulk motions [18]. Tokayer et al. employed human blood phantom through a glass 
capillary with a diameter of 200 μm to study the OCTA signal under different A-line intervals 
and flow speeds [19]. Ruminski et al. used a 280-μm silicon capillary filled with 2% intralipid 
to investigate the contrast-to-noise ratio for the angiographic images derived from different 
OCTA algorithms [14]. Very recently, Choi et al. [20] as well as our group [21] have 
investigated the relationship between OCTA and flow speed in channels with different size 
using microfluidic chips. 

In this paper, the hematocrit (HCT) dependence of flow signal (SSADA decorrelation 
value) will be investigated. Human blood with the HCT of 45%, 40% and 32% were used in 
this study to simulate the blood of a normal man, a normal woman, and an anemia people, 
respectively. Microchannels with widths ranging from 8 μm to 96 μm were used to mimic 
vessels down to a capillary level. Both the theoretical calculation and the experiments will be 
performed. The results show that the HCT dependence of flow signal varies for different 
microchannel width or vessel diameter. 

2. Hematocrit dependent, normalized amplitude temporal decorrelation 
SSADA detects flow based on the OCT signal scattered or reflected by red blood cells 
(RBCs). The temporal decorrelation of the OCT signal amplitude is used for the calculation 
of the flow. Based on the normalized field temporal correlation function and concentration 
dependent particle scattering properties, we will derive the relationship between the amplitude 
temporal decorrelation and the HCT, time interval as well as flow speed. 

Assuming a Gaussian-shaped speed distribution 

( ) 2 3/ 2 2 2 2
0 02 / (3 / ) exp( 3 / 2 )p v v v v vπ= Δ −  [22] for the scattering particles, where 0v  is the 

average flow velocity, and an ensemble of scatters moving in a channel (vessel) with an 
otherwise static medium, the normalized field temporal correlation function g by the 
scattering particles can be described as [23] 
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where ( )E t  and ( Δ )E t t+  are the electric fields at time t and t t+ Δ , f is the frequency of the 

incident light and 2 ( )r tΔ Δ  is the mean square particle displacement in time interval tΔ . 
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2 ( )r tΔ Δ  can be described as 2 2
0v t⋅ Δ . q


 is the difference between the incident and 

scattered beam wave-vector. The expression of temporal correlation of scattering particles 
used here has been well established and verified in the laser speckle imaging field for imaging 
blood flow [24], where a Gaussian velocity distribution is assumed [25, 26]. The flow 
velocity inside a blood vessel is not a constant value even for a single OCT voxel. Typically, 
RBC flow velocity is highest in the center of the vessel and decreases at the vessel edges. A 
parabolic function can be used to describe the velocity distribution. In addition, due to 
pulsatile nature of the blood flow, the RBC velocity will not be constant. Recently, similar 
expressions has been used by other groups for quantitative description of OCTA [20, 27]. So 
this model is suitable for modeling hematocrit dependence of flow signal in OCTA. 

Neglecting the phase term in the temporal correlation function as Eq. (1), the amplitude 
correlation function Ag  can be written as 
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Assuming the scattering is elastic, the can then be expressed as [28] 

 0| | 2 sin
2s cq k k k
θ= − =

 
 (3) 

where sk


 and ck


 are the scattered and incident wave-vectors, respectively. 0k  is the norm of 

the probe light. θ  is the angle between ck


 and sk


. The angle θ  is related to the absorption 

and scattering coefficients of the particles and can be expressed as [28]: 
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where aμ  is absorption coefficient and sμ  is scattering coefficient. (1 )s s agμ μ′ = −  is 

reduced scattering coefficient and ag  is anisotropy. These optical properties of scattering 

particles are functions of incident wavelength λ  and particle concentration ( HCT  in this 
study). Substituting Eqs. (3) and (4) into Eq. (2), we have: 
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The amplitude decorrelation value D as a function of the HCT thus can be written as 
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In OCT system, the OCT signal is a mix of scattering signal from both static and moving 
particles [29]. To take this into consideration, two parameters SM  and FM  are introduced to 

represent the signals from both static and the moving particles. Where SM  is the portion of 

signal from static particles and FM  is the portion of the signal from the moving particles. The 

decorrelation value can be further expressed as 

 ( )( ) 1 .S F AD HCT M M g HCT= − −  (7) 
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Fig. 1. Optical parameters of the human blood at 840 nm as functions of the HCT. (A) 

Scattering coefficient
s

μ . The black solid line is based on Twersky's formula [30] and the red 

dash line is based on the empirical model function in [32]. (B) Absorption coefficient
a

μ . (C) 

Effective scattering coefficient
s

μ′ . (B) and (C) are both based on the empirical model 

functions in [32]. 

The scattering property of a particle is also related to the particle concentration. Twersky's 
formula is usually used describe the relationship between the RBC scattering coefficient and 
the HCT for human blood [30, 31] 

 
( )1

( ,  ) ( ),s s

HCT HCT
HCT

MCV
μ λ σ λ

−
=  (8) 

where MCV  is mean corpuscular volume and sσ  is scattering cross-section. Meinke et al. 

have measured the optical parameters of the human blood with different HCTs [32]. Based on 
their results, the following empirical model functions describing the aμ , sμ  and sμ  can be 

obtained (for the wavelengths 825 nm-875 nm): 

 ( ) ( ),  0.1206 ,a aStHCT HCTμ λ μ λ=  (9) 

 ( ) ( ) ( )2,  0.0015 0.1268 ,s sStHCT HCT HCTμ λ μ λ= − +  (10) 

 ( ), 0.1167 ( ),s sStHCT HCTμ λ μ λ′ ′=  (11) 

where ( )aStμ λ , ( )sStμ λ , and ( )sStμ λ , are the standard reference values of the aμ , sμ  and 

sμ , respectively. 

From Eqs. (8)-(11), the relationships between these optical parameters and the HCT at a 
wavelength of 840 nm (the central wavelength of the OCT system) are plotted in Fig. 1. 
Figure 1(A) shows the scattering coefficient sμ  as a function of the HCT at 840 nm. The 

black solid line is based on Twersky's formula [30] and the red dash line is based on the 
empirical model function in [32]. As illustrated in the figure, the scattering coefficients 
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increase with the increase of the HCT. The two models match quite well at a low HCT (<5%). 
The relationship is linear for low HCT and become nonlinear for higher HCT (>10% for the 
empirical model and >~15% for the Twersky's formula). The sμ  become saturated at ~45% 

HCT for the empirical model and at ~50% HCT for the Twersky's formula. Figures 1(B) and 
1(C) are the absorption coefficient aμ  and the effective scattering coefficient sμ′  as functions 

of the HCT, respectively. Based on the empirical function models, they keep linearly increase 
as the HCT increase in the range of 0.84%-42.1%. 

Based on the optical parameters of the human blood and the analytic expression of the 
decorrelation value as a function of the HCT, a quantitative illustration of their relations can 
be provided. Before demonstrating the comparison between the model and the experimental 
data, we first illustrated the general characteristics of the decorrelation value as a function of 
the HCT under different flow speeds. 

 

Fig. 2. The theoretical HCT dependence of the decorrelation value for different flow speeds, 
time intervals and scattering coefficients based on the normalized field temporal correlation 
function and concentration dependent particle scattering properties. The relationship between 

decorrelation value and HCT are shown at different flow speeds of (A) 0.5v = mm/s, (B) 

1v = mm/s, (C), 2.5v = mm/s with a fixed time interval of 5 ms. The relationships are 

also shown with different time intervals of (D) 1tΔ = ms, (E) 2tΔ = ms, (F), 3.5tΔ = ms at a 
fixed flow speed of 3 mm/s. The black solid lines are based on Twersky’s formula and the red 
dashed lines are based on the empirical model. 

Figure 2 shows the dependence of the decorrelation value D on the HCT for different flow 
speed, time interval and scattering coefficients based on the two models. Figures 2(A), 2(B) 
and 2(C) show the decorrelation value as a function of HCT at the speed of, respectively, v 
= 0.5 mm/s, v = 1 mm/s and v = 2.5 mm/s with a time interval of 5 ms. Figures 2(D), 2(E) 
and 2(F) show the decorrelation value as a function of HCT with the time interval of, 
respectively, Δt = 1 ms, Δt = 2 ms, and Δt = 3.5 ms at a fixed flow speed of 3 mm/s. The 
black solid lines are based on Twersky’s formula and the red dashed lines are based on the 
empirical model. At a flow speed of 0.5 mm/s, the dependence of the decorrelation value on 
the HCT is linear in the range of HCTs we are interested and the results based on two models 
are very similar. At a flow speed of 1 mm/s, the dependence becomes more nonlinear and the 
decorrelation value saturates at an HCT of ~45%. At a flow speed of 2.5 mm/s, the 
decorrelation value saturates at an HCT of ~15%. At these two higher flow speeds, the two 
models show different results and the decorrelation value predicted by the empirical model 
are always a little higher than those obtained from the Twersky's formula before the 
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decorrelation values become totally saturated. The decorrelation value as a function of the 
HCT for different B-scan time intervals shows the very similar trend as those for different 
speeds. At a time interval of 1 ms, the dependence of the decorrelation value on the HCT is 
almost linear in the range of HCTs we are interested and the results based on two scattering 
models are very similar. At a time interval of 2 ms, the decorrelation values became more 
nonlinear and saturated at an HCT of ~35%. At a time interval of 3.5 ms, the decorrelation 
value fast saturates at an HCT of ~10%. 

3. Materials and methods 
3.1 Blood sample 

Human RBC sample (SER-PRBC, ZenBio Inc, Research Triangle Park, NC) was used in this 
study. Anticoagulant has been pre-added. Phosphate buffered saline (PBS) was used to dilute 
the RBC sample to the different concentrations (45%, 40%, and 32% HCT, respectively). It 
was found that the blood could easily block the microfluidic chips even though anticoagulant 
was used. In order to reduce the chance of channel blocking by the blood, PBS and deionized 
water was used to hydrate and clean the microchannels before and after each experiment 
period. In addition, the duration of the blood stayed in the channels was less than half an hour 
for all the experiments. 

3.2 Characterization of microfluidic chips 

Two kinds of the microfluidic chips with different channel size were used in this study. One 
chip has channels with widths of 8, 16, 32 and 64 μm. The other has channel widths of 12, 24, 
48 and 96 μm. All the channels have a height of 17 μm. The design of the microfluidic chips 
was based on flux equilibrium principle. So the total cross-section area for all channels with 
the same size is equivalent to the total area for the channels with other sizes. This design 
guarantees the same flow speeds for different regions of the chip. Although channels blocking 
may still happen, the flow speed difference for different regions of the chip is less than 10%, 
which has been validated in our previous study [21]. 

3.3 OCT system and scanning protocol 

A commercial 70-kHz spectral-domain OCT system with a central wavelength of 840 nm 
(RTVue-XR, Optovue, Fremont, CA) was used in this study. The system has a full width at 
half maximum (FWHM) bandwidth of 45 nm. The axial resolution is 5 μm in tissue. For 
OCTA scans, two consecutive B-scans at the same position were employed to calculation the 
decorrelation values and each B-scan contained 304 A-scans. A total of 304 repeated B-scans 
was used to obtain a 3-dimensional (3D) volume. A scanning area of 3.5 × 3.5 mm was used 
throughout this study. It should be noted that the sampling rate is under Nyquist (~12μm 
spacing, Nyquist would be 7.3μm). We have investigated this issue in our previous 
publication [21]. It was found that the decorrelation value was affected by system sampling 
density (scan step size) and the decorrelation value was lower if the sampling density was 
lower. Generally, the image contrast will be lower in an under-sampling situation. In this 
study, the same scan pattern (the highest sampling density provided by the system) was used 
for all of the data and we would expect all the decorrelation value will be lower than the 
actual value. However, the trend and general conclusion will not be affected by the under-
sampling. In addition, the system we used is an FDA 510(K) cleared device, the results will 
be more representative for real clinical data. 

3.4 Experimental setup 

The experimental setup for this study is shown in Fig. 3(A). A 60D lens corresponding to a 
focal length of 16.7 mm was mounted in front of the objective lens of the OCT system to 
simulate the focusing effect of the human eye. The measured lateral resolution of the system 
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is 14.6 μm [21]. The laser light was focused on the microfluidic chip, which was mounted on 
a manual stage to fit the height of the objective lens. The chip was tilted (~8 degrees) to avoid 
strong surface reflection. Two polymer pipes with flat-end needles were inserted into two the 
inlet and outlet of the microfluidic chip. The inlet pipe was connected to a syringe, which was 
pumped by a mechanical syringe pump (70-2208, Harvard Apparatus, Holliston, MA). A flow 
speed of ~1 mm/s was adopted throughout this study. To guarantee a stable flow speed, the 
imaging and data acquisition started after the syringe pump operated for ~5 minutes. 

The biologically relevant flow speed is between a few micrometers per second in 
capillaries to tens of millimeters per second in large vessels. However, OCTA decorrelation 
curve saturates. This saturation is dependent on both flow speed and the B-scan time interval. 
Other groups and we have investigated this [21, 28]. In this manuscript, we have shown that 
multiplication of these two parameters finally decides the saturation of the decorrelation 
curve. So for a specific system, the range of biologically relevant flow speeds (or speed below 
saturation point) is also related the B-scan time interval. For the current system setting used in 
this study, this range is below 5 mm/s as demonstrated in our previous publication [21]. The 
speed of 1mm/s was carefully selected based on the results in [21]. The speed would ensure 
the decorrelation values in all the channels will not be saturated and can be used for 
characterizing the effect of hematocrit. In [21], we discussed the effect of different flow 
speeds and channel widths on the OCTA signal. It was found that, with the current OCT 
system setting, the decorrelation saturation speed was around 5 mm/s. To keep a linear 
relationship between the flow speed and the decorrelation value, the flow speed should be less 
than 2.5 mm/s. 

 

Fig. 3. (A) Photograph of the experimental setup. (B) Cross-sectional OCT image of the 
microchannels. (C) En face intensity image of the microfluidic channels. (D) En face SSADA 
image of the microfluidic channels. 

3.5 Data processing 

The acquired three-dimensional volumetric data exported from the system was processed with 
a custom Matlab code. A manual segmentation software was used to segment the channels. 
Then maximum projection structure and OCTA images were obtained as shown in Fig. 3(C) 
and Fig. 3(D), respectively. 

To improve the accuracy of the analysis, careful selection of the channel regions to be 
analyzed is important. As shown in Figs. 3(C) and 3(D), the channel widths in these images 
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are 48, 24 and 12 μm from top to bottom. The regions showing strong normal reflection were 
excluded from the analysis. The channels that were blocked were also excluded from the 
analysis. Those blocked channels usually do not show flow in the OCTA image. The 
decorrelation values in a channel that was higher than a threshold (half of the maximum 
decorrelation values in a channel) were used for the analysis. 

4. Results 

4.1 Channel width dependency of decorrelation value at different HCTs 

The channel width (or vessel diameter) plays an important role for quantitative analysis of the 
OCTA images. In a previous publication [21], it has been shown that at the same flow speed, 
decorrelation values in channels with different width are different. A model to relate the 
saturated decorrelation values with the channel width has also been proposed to describe the 
relationship [21]. This model is based on the fact that the decorrelation value is related to 
vessel (channel)-beam overlapped at saturation decorrelation region. This model can be 
extended to the situation where the decorrelation value is not saturated (the flow speed is less 
than saturated velocity). The relationship between the decorrelation value D and the channel 
width w at a flow velocity slower than the saturated velocity can be similarly expressed as 

 ( )
erf

2 2
,

1 erf erf
2 2 2 2

sat Brownian Brownian

w

D D D D
w w

B

σ

σ σ

  
    = − Δ + 

     Δ − +          
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where satD  is the saturation decorrelation and BrownianD  is the decorrelation value when the 

blood in hydrostatic equilibrium and only the Brownian motion involved. B  is related to the 
difference of the reflectance between the blood flow and static background. This value will be 
closer to zero if the difference is larger. 

Figure 4 shows the decorrelation values D  in the channels with different channel width at 
a flow speed of 1mm/s. Three different HCTs of 32%, 40%, and 45% are shown as red, green, 
and blue columns, respectively. The model described in Eq. (12) was used to fit the results 
obtained at different HCTs. The corresponding fitted results are shown as the solid lines in 
Fig. 4. The parameters from the fitting results are shown in Table 1. 

 

Fig. 4. The relationship between the decorrelation value and the channel width for different 
HCTs. Solid lines are the fitting results of the experimental data with the model described in 
Eq. (12). 

                                                                                Vol. 8, No. 2 | 1 Feb 2017 | BIOMEDICAL OPTICS EXPRESS 784 



As shown in Fig. 4, the decorrelation value increases as the channel width increases from 
8 to 36 μm and these values become saturated for larger channel width in the range of 48 to 
96 μm. These results are consistent with the findings in our previous publication, where a 
relationship between the saturated decorrelation value and the channel width were obtained 
[21]. 

Table 1. Fitting results of the decorrelation value as a function of channel width at 
different HCTs 

HCT (%) R-Square 
sat

D  B 

32 0.954 0.281 0.892 
40 0.929 0.293 0.556 
45 0.938 0.298 0.333 

The proposed model showing in Eq. (12) fits well to the experimental data as 
quantitatively demonstrated by the “R-Square” values (coefficient of determination) in Table 
1. As can be seen from the table, the saturated decorrelation value satD  values become larger 

and the B becomes smaller as the HCT increases. This shows a higher HCT could increase the 
saturated decorrelation value (until the decorrelation value reach a maximum) and a higher 
HCT will also increase the reflectance difference between the flow and the static background. 

4.2 Hematocrit dependency of decorrelation values at different channel width 

It could be seen from Fig. 4 that the relationship between the decorrelation value and the HCT 
is also related to the channel width. To further investigate the relationship between the 
decorrelation value and the HCT, the experimental results in Fig. 4 are re-expressed in Fig. 5, 
where the decorrelation values are shown as a function of HCT. We further include the effect 
of the vessel diameter (or channel width for the microfluidic chips) into our theoretical model 
described in Section 2. If the diameter of the vessel is comparable to or smaller than the beam 
spot of the system, the diameter of the vessel may affect the ratio of static and moving 
particles in the imaging voxel. Based on a simple model [21], the ratio between the vessel-
beam overlapped area and the beam-covered area can be expressed as 

 erf ,
2 2

w
F

σ
 =  
 

 (13) 

where erf( )x  is error function, σ  is the size of the OCT probe beam and w  is the channel 

width. For small vessels (or small channels) with diameter less than OCT beam spot size, F is 
much less than 1. This will lead to a lower decorrelation value compared to a larger vessel 
with the same other parameters (flow speed, time interval, HCT et al.). If we assume the RBC 
is uniformly distributed among the imaging voxel, the effective HCT in the smaller vessels 
will be lower. Thus an effective HCT ′  can be expressed as 

 HCT F HCT′ = ⋅  (14) 
The decorrelation value as a function of the HCT thus can be deduced as 

 ( )( ) 1 .S F AD HCT M M g HCT ′= − −  (15) 
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Fig. 5. (A) Decorrelation value as a function of the HCT for all the channel widths ranging 
from 8 μm to 96 μm. Solid lines are theoretical model fitting results for different channel 
width. (B) Linear fitting slope value of the experimental data as a function of the channel 
width. Red solid line is the theoretical model (Eq. (16)) fitting result. 

As shown in Fig. 5(A), the decorrelation values increase with the increase of HCTs from 
32% to 45%. However, the amounts of increase are different for channels with different 
width. For the 8 μm channels, the decorrelation value increase from 0.05 to ~0.11 while the 
HCT changes from 32% to 45%. For the 96 μm channel, the decorrelation value does not 
change much when the HCT increase to 45% from 32%. The HCT in the blood will change 
the scattering property of the RBC and also the relative ratio between static scatters and 
dynamic scatters in the imaging voxel. Eventually, the decorrelation value will change 
accordingly if the decorrelation value is not saturated. For the larger channels/vessels, the 
decorrelation value is close to saturated value so the change is smaller or there is no change at 
all. For smaller channels/vessels, the decorrelation value has a strong dependence on the 
HCT. The effect of channel width on decorrelation value can be described by the overlap 
volume between the OCT beam spot and the channel [21]. When the channel width is larger 
than the beam spot, the imaging voxel could be fully occupied by the flow and decorrelation 
value will be higher and closer to the saturated value than the channel with the same flow 
speed and HCT. We fitted the experimental data of the relationship between decorrelation and 
HCT with the theoretical model described above by using an effective HCT for different 
channel width. For 8 μm channel width and 32%~45% HCT, the effective HCT is 
6.73~9.46% for the current setup. The solid color lines in Fig. 5(A) show the results. The 
fitting between the experimental data and the theory are generally matched very well. 

Figure 5(B) shows the slope of the linear fit with a relationship to the channel width. 
Based on Eq. (12), which is the theoretical model of the decorrelation value as a function of 

the channel width, we can derive the first-order derivative 
dD

dw
 (equivalent the slope of the 

linear fit): 
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Thus we can use this equation to fit the slope data point and the result is demonstrated by 
the solid red line in Fig. 5(B). We achieved an “R-square” of 0.868. The corresponding satD  

and B are 0.04 and 0.39, respectively. It is clear that slope first decreases as the channel 
widths increasing from 8 to 36 μm and finally become saturated to around zero at channel 
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width of 96 μm. This decrease of the slope has a turning point at the channel width of ~36 μm 
where the slope starts to be saturated. For the channels widths larger than 36 μm, the slope 
(~0.0015) is close zero which means the decorrelation value become saturated. These results 
suggest the effect of the channel width on the decorrelation measurement can be neglected 
when the channel width larger than 36 μm for the OCT system used. 

5. Discussion
It is interesting to compare our works with the intralipid phantom study [20] which also 
employed similar microfluidic chip. The primary difference between these two studies is the 
different scattering media used. Choi et al. employed 1% to 4% intralipid while we used 
human blood with the HCTs of 32%, 40%, and 45%. Intralipid has been widely used as a 
scattering medium for phantoms that mimic turbid tissues when conducting optical 
experiments. However, the difference in other characteristics such as anisotropy, viscosity 
and absorption may lead to different results/conclusion when using intralipid to simulate red 
blood cell. 

Fig. 6. Comparisons of the decorrelation value (D) as functions of root mean square particle 

displacement (
2

rΔ ) for 10% intralipid and 32%, 40%, 45% HCT. 

The analytic expression of the decorrelation as a function of the HCT can also be 
extended to the case of the intralipid by substituting the optical properties of the RBCs with 
those of the intralipid. To compare the results from the intralipid to those from the real blood, 
we simulate the relationship between decorrelation value and the root mean square particle 

displacement ( 2rΔ ) for intralipid and blood. Because the flow speed 0v  and time interval 

tΔ  have similar effect on the decorrelation value as demonstrated in Fig. 2, the mean 

scattering particle displacement 2rΔ  instead of velocity or time interval was used for the 
simulation. The optical properties of intralipid are based the results from [33, 34]. The 
simulation results are shown in Fig. 6. It can be seen that the decorrelation value of the 10% 

intralipid saturates at a 2rΔ  of ~400 μm while the saturated decorrelation value of the 
human blood with three different HCTs saturates are ~2500 μm. The difference originates 

from the a s

s

μ μ
μ

′+
 factor as shown Eq. (5) and the factor from the intralipid is an order of 

magnitude larger than that of the blood. Because     a sμ μ  for both the blood and intralipid 

and (1 )s s agμ μ′ = − , the a s

s

μ μ
μ

′+
 factor can be simplified as (1 )ag− , which means the 
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decorrelation value is directly related to the anisotropy of the scattering particle. For an 
incident light centered at 840 nm, the anisotropy values ag  are, respectively, ~0.98 [32] for 

the blood with 32%~45% HCT and ~0.6 [33, 34] for the 10% intralipid. The difference in the 
anisotropy values causes the different dynamic behavior of these two kinds of scattering 
media. The results show the optical properties of the scattering particle are important for the 
quantitative analysis of OCTA. Intralipid has different scattering property from real blood and 
therefore does not model blood well in the flow phantom studies. 

Because the OCT amplitude decorrelation angiography is used here, phase term is 
neglected in Eq. (1). In the model by Choi et al., the phase term was taken into consideration 
when a complex OCT value based OCTA was used [20]. In a previous publication [13], it has 
been shown that OCT amplitude based OCTA and OCT complex value based OCTA show 
very similar trends although the unnormalized OCTA values from these methods are 
different. We used the same parameters of intralipid in our model and got very similar results 
as theirs (as demonstrated in Fig. 6). So we don’t expect much difference in our conclusions. 

In a cylindrical channel or biological blood vessel, the flow velocity profile follows a 
curve of parabolic distribution. In the case of a rectangular channel used in our experiment, 
the flow profile would be different. Flow velocity profile in a rectangular channel has been 
investigated in the microfluidic research field [35]. The velocity distribution in the cross-
section ( y, z  plane) of the channel can be described in terms of a Fourier series [36]: 
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where ζ  is the viscosity of the fluid, Δp is the pressure difference, L is channel length, h is 

the height of the channel and w is the width of the channel. In the shorter dimension of the 
channel cross-section, the velocity distribution is very close to parabolic. In the longer 
dimension, the velocity profile is largely affected by the aspect ratio (width/height ratio w/h) 
of the channel. At an aspect ratio close to 1, the velocity profile is close to parabolic. For a 
higher aspect ratio (>2), the velocity profile would be flatter in the center of the channel. Our 
analysis was performed one the en-face maximum intensity projection OCTA images. The 
velocity profile is still close to parabolic for narrower channels. However, because of the 
limitation of the lateral resolution and scanning density, it would be hard to tell the profile in 
the small channels from the OCTA images. For wider channels, the velocity profile would be 
flatter in the center of the channel, so the change across the large channels will be small. 
Because the flatter velocity profile, the maximum velocity in the wider rectangle channels 
will be lower than that in a situation where a velocity profile is parabolic. This may contribute 
to the drop in the decorrelation values in the wider channels as shown in Fig. 4 and the larger 
deviation from theoretical prediction for the data in the wider channels in Fig. 5. 

6. Conclusion 
We investigated the HCT dependence of flow signal (SSADA decorrelation value). OCT 
amplitude decorrelation was analytically derived from normalized field temporal correlation 
function and concentration dependent particle scattering properties. Different sizes of 
microchannels (ranging from 8 to 96 μm) were used to mimic large and capillary blood 
vessels in the experiment study. Human blood with 45%, 40%, 32% concentrations of red 
blood cell (RBC) was adopted to model the HCTs of a normal man, a normal woman, and an 
anemia people, respectively. The experimental and theoretical results gave the dependence of 
the decorrelation value on the HCT for different channel size. The dependency is related to 
the channel width as well as the beam spot size. In large flow channels and blood vessels, the 
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normal HCT is near the saturation point and therefore changes in HCT has little effect on the 
SSADA decorrelation value (signal). However, in narrow channels in the capillary size range, 
the effective HCT is in the 6.73~9.46% range and therefore variation in HCT does 
significantly affect the flow signal. 
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